Bioelectronic interfacing with the human body including electrical stimulation and recording of neural activities is the basis of the rapidly growing field of neural science and engineering, diagnostics, therapy, and wearable and implantable devices. Owing to intrinsic dissimilarities between soft, wet, and living biological tissues and rigid, dry, and synthetic electronic systems, the development of more compatible, effective, and stable interfaces between these two different realms has been one of the most daunting challenges in science and technology. Recently, hydrogels have emerged as a promising material candidate for the next-generation bioelectronic interfaces, due to their similarities to biological tissues and versatility in electrical, mechanical, and biofunctional engineering. In this review, we discuss (i) the fundamental mechanisms of tissue-electrode interactions, (ii) hydrogels' unique advantages in bioelectrical interfacing with the human body, (iii) the recent progress in hydrogel developments for bioelectronics, and (iv) rational guidelines for the design of future hydrogel bioelectronics. Advances in hydrogel bioelectronics will usher unprecedented opportunities toward ever-close integration of biology and electronics, potentially blurring the boundary between humans and machines.
Introduction
Electronic activities in nervous systems are the principal constituents of our daily lives, ranging from routine regulation of muscular movements to complex intelligence such as memory and reasoning. Since the discovery of bioelectricity by Luigi Galvani's landmark experiment, a better understanding of electronic communications between biology and electronics, so-called bioelectronic interfacing or bioelectronics, has been one of the grand but ongoing challenges in science and technology. The majority of existing and emerging bioelectronic interfaces involve various forms of electrodes interacting with biological tissues. 1, 2 Electrodes with ever-refined performances and control have been available in a wide range of form factors and sizes, greatly aided by innovations and advances in modern electronics.
Based on these electrodes, numerous wearable and implantable electronic devices have recently emerged to collect and deliver various bioelectronic signals in different parts of the human body as diverse as skin, 5, 6 brain, 7 spinal cord, 8 and heart. 9 Particularly, various wearable epidermal bioelectronic devices have been commercialized and routinely used for diverse clinical purposes. 10 Miniaturized implantable devices have driven breakthroughs in treatments for neurological disorders and damage including deep brain stimulation probes for Parkinson's disease [11] [12] [13] and essential tremors, 14 neural interfaces for robotic prostheses, [15] [16] [17] [18] flexible electrode arrays for heart failures, 9, 19, 20 and closed-loop electrode arrays for spinal cord injuries. 21, 22 Despite remarkable advances in the recent few decades, the intrinsic differences between biological tissues and man-made electronics pose immense challenges in materials, design, and manufacturing of the next generation bioelectronics. For instance, the human body consists of a broad range of soft and high watercontaining tissues and organs. In contrast, almost all of commercially available and the majority of lab-level bioelectronic devices rely on rigid and dry electronic components such as silicon and metals. [23] [24] [25] [26] These stark disparities between the two realms have introduced significant difficulties towards seamless interfacing between biology and electronics. [27] [28] [29] [30] The central and peripheral nervous systems ceaselessly generate and receive electrical and biochemical signals through complex networks of neuronal cells. Unlike conventional electronics in which electrons serve as carriers of information, bioelectronic activities in the biological systems are essentially ionic through electrolytic media. 10, [31] [32] [33] Ever-evolving microenvironments due to diffusive and convective exchange of mobile ionic and biochemical species in water-rich tissues further highlight the distinctive nature of the biological systems over electronic systems. Together with mechanical and compositional dissimilarities, these inherent mismatches between biology and electronics signify the high hurdles to bring the two realms closer. Hydrogels, crosslinked polymer networks infiltrated with water, have been extensively studied in tissue engineering and biomedicine due to their resemblance to biological tissues ( Fig. 1) . 34, 35 The soft and flexible nature of hydrogels allows minimization of mechanical mismatch with biological tissues, and the high water contents of hydrogels provide wet and ion-rich physiological environments. Moreover, the remarkable flexibility in the design of their electrical, mechanical, and biological properties renders hydrogels a unique bridging material to biological world. 36 Powered by these exceptional advantages, hydrogels have recently attracted growing attention in bioelectronics, as part of continued endeavor toward seamless interfacing between biology and electronics. While a growing volume of bioelectronic devices and applications have adopted hydrogels to achieve improved interfacing with the human body, many of such approaches are still limited in an Edisonian manner. Simple additive combination of hydrogels in existing devices often results in non-optimal performance and a significant increase in the burden of development processes. Future innovations in hydrogel bioelectronics require us to harness hydrogels' unique advantages based on the fundamental understanding of tissue-electrode interactions, in order to rationally guide the engineering of various properties and design parameters. Along with fundamental understanding, advances in hydrogel bioelectronics progress hand-in-hand with breakthroughs in material developments, synergistically benefiting each other.
This review is aimed to provide a set of rational guidelines for the design of future hydrogels in bioelectronic applications based on understanding the fundamental mechanisms of bioelectronic communications between biological and electronic systems. We start with a brief overview on the fundamental mechanisms of tissue-electrode interactions to provide a rational foundation that justifies hydrogels' unique benefits to bioelectronics. Thereafter, the recent advances in hydrogel bioelectronics are categorized into four classes: (i) hydrogel coatings and encapsulations, (ii) ionically conductive hydrogels, (iii) conductive nanocomposite hydrogels, and (iv) conducting polymer hydrogels, followed by discussions on important issues in Fig. 1 Hydrogels at the interface between biology and electronics. Hydrogels possess a unique set of properties to bridge the gap between biology and electronics, providing promising opportunities for bioelectronics applications.
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Tissue-electrode interfaces
Biological tissues are typically considered as volume conductors with a moderate level of conductivity (e.g., electrical conductivity s = 0.1 to 1 S m À1 ) in electrical models, owing to mobile ionic species dissolved in the media. 10, 31, 37, 38 As electrons cannot serve as charge carriers in electrolytic tissue media, electrical communications between neuronal cells mostly rely on ionic fluxes. 1, 39, 40 To establish electrical communications between neural tissues and external electronics, electrodes have been the most commonly used terminals, through which signals and information can transmit from cells to electronics and vice versa. However, unlike biological tissues, almost all conventional electronic systems depend on electronically conductive materials such as metals, in which free electrons act as mobile charge carriers. 1, 26, 33, 41, 42 This characteristic difference introduces a unique interface between tissue and electrode, at which ionically and electronically carried signals are exchanged with each other. Bioelectronic activities in tissue-electrode interfaces involve various ionic and electronic interactions across a wide range of length scales ( Fig. 2A) . Starting from the tissue side of the picture, spikes of ionic currents or action potentials (APs) in excitable cell membranes provide the most basic element of bioelectronic activities at the nm length scale. 33, 39, 43 The transmembrane potential of an individual neuronal cell maintains a negative value (BÀ60 to À75 mV) in the resting state due to the imbalance of ions (typically an excess of intracellular K + and extracellular Na + ). The transmembrane potential fluctuates from the resting potential by excitatory (depolarization to more positive potential) or inhibitory (hyperpolarization to more negative potential) inputs from other neurons or electrodes. 10, 39 When the net excitatory inputs provide enough depolarization beyond the threshold (mostly À50 to À55 mV), voltage-gated Na + channels open allowing a rapid influx of Na + ions into the cells, which generates a spike of depolarization. Upon reaching a potential around +30 to +40 mV, the transmembrane potential repolarizes to the resting potential via slow efflux of K + ions. 39 These processes create impulsive local ionic currents and potentials (or action potentials) across the cellular membrane as well as the surrounding extracellular space (Table 1) . Extracellular potentials decay rapidly away from the source (e.g., soma or axon of neurons) at cellular length scales (e.g., 10 to 100 mm). 10, 33 Superposition of all concurrent activities of neurons generates tissue-scale (e.g., mm to cm) oscillations and rhythms of electrical potentials, which are called local field potentials 10, 31, 38, 44 ( Fig. 2A) . Overall, the tissue side of bioelectronic activities relies on spatial and temporal changes of ionic fluxes across different length scales. Moving toward the electrode side, interactions between neural tissues and electrodes are less specific in a larger distance (e.g., mm to cm). Local field potentials convey information from collective activities of numerous cells and the contribution from an individual neuron is mostly indistinguishable. 10, 41, 45 Closer to a cellular distance (e.g., o100 mm), extracellular potentials from each neuron present without significant decay, and the electrodes begin to be able to sense or actuate individual neuron. 33, 43 At an even smaller length scale (e.g., 1 to 100 nm), ionic tissue media and electrodes form an electrolyte-electrode interface at which exchange between ionic and electronic signals takes place (Fig. 2B ).
Electrodes communicate with biological tissues in a bidirectional manner. In one way, electrodes stimulate excitable cells (e.g., neurons) by delivering electrical inputs toward the tissues. In another way, electrical signals from electrically active cells propagate toward and are recorded by the electrodes. During this bidirectional communication, electrical signals are transmitted via ionic currents and electric potentials in the electrolytic tissue media and electronic currents and electric potentials in the conducting electrodes. 1, 32, 45, 46 In addition, the potential difference at the electrolyte-electrode interface is equilibrated by the electron flow in the electrodes, ion flow in the tissue media, and possible reactions of the electrolyte and electrodes. 42 Therefore, in stimulation applications, the applied potential on the electrode drives ionic current injected toward the tissue media and generates the corresponding electric potential on the outer membrane of the targeted neurons, by which the neurons are stimulated 31, 39, 47, 48 (Fig. 3) . Conversely, in recording applications, the ionic flux by action potentials of neurons drives electron flows in the electrode by building up the electrolyte-electrode potential difference (Fig. 4) . The tissue-electrode interfaces are often depicted by using the equivalent circuit models in order to more quantitatively discuss complex bioelectronic phenomena. Fig. 2C and D show the simplest equivalent circuit models for bioelectronic stimulation and recording, respectively. The V sti and V rec are the electric potentials of the external electronics, which serve as an input for stimulation applications (e.g., stimulation waveforms) and an output for recording applications (e.g., neural activity recordings), respectively. 41 The electrolyte-electrode interface is depicted as a parallel circuit of the leakage resistance R e and the electrical double layer (EDL) capacitance C e in the simplest form. 1, 41, 43, 49 The interconnect resistance R ic captures the resistance of the higher order electronic circuitry connected to the electrode. In stimulation applications, electrical signals flow from the electrode toward the tissues and generate the electric potential V e in electrolytic media and applied on the outer membrane of the targeted neurons (Fig. 2C ). On the other hand, in recording applications, electrical signals are originated by the bioelectronic activities of neural cells (i.e., ionic currents by action potentials, I AP ) and generate the electric potential V e in electrolytic media and applied on the electrode surface (Fig. 2D) . In addition to the electrical interactions (e.g., stimulations and recordings), there also exist biomechanical interactions between the tissues and electrodes. In the following sections, we discuss various tissue-electrode interactions in hydrogel bioelectronics (Table 2) .
Bioelectronic stimulation
Bioelectronic stimulation finds critical importance as a versatile tool for a wide range of neuroscientific studies and clinical treatments. 11, 12, 16, 22, 50 Electrical stimulation of the biological systems can largely be divided into two major categories based on the invasiveness of tissue-electrode interactions: invasive and non-invasive stimulations. Implanted stimulation electrodes provide more invasive but direct interfacing with the tissues. Implanted electrodes in the proximity of target neurons have been adopted in sensory stimulations (e.g., cochlear implants and retinal implants), 51-53 neuromuscular stimulations (e.g., control of limbs for rehabilitation), and treatments for neurodegenerative disorders (e.g., deep brain stimulations for Parkinson's disease). 54 Epidermal stimulation electrodes offer non-invasive but less specific interfacing with the tissues. One classical example of epidermal bioelectronic stimulation is transcutaneous electrical nerve stimulation (TENS), which has been widely adopted in clinical settings for pain relief. [55] [56] [57] [58] Despite the broadness in forms and applications, all electrodebased bioelectronic stimulations share common physical principles. V sti represents the input for bioelectronic stimulation with the interconnect resistance R ic . V e represents the electric potential within electrolytic media generated by V sti applied on the outer membrane of the targeted neurons. (D) Equivalent circuit model of tissue-electrode interfaces for bioelectronic recording. At the interface between biology and electronics, the electrolyte-electrode interface is considered as a parallel circuit of the EDL capacitance, C e , and the leakage resistance, R e . V rec represents the output for bioelectronic recording with the interconnect resistance R ic . V e represents the electric potential within electrolytic media generated by bioelectronic activities of neurons (i.e., ionic currents by action potentials, I AP ) applied on the electrode surface. For both bioelectronic stimulation and recording, the electrolyte-electrode interface is considered as a parallel circuit of the EDL capacitance, C e , and the leakage resistance, R e .
Electrodes can stimulate neurons by injecting ionic currents in electrolytic tissue media and generating electric potential on the outer membrane of the targeted neurons. While bioelectronic stimulation has a broad range of applications from targeted stimulation of neurons around the implanted electrodes to less specific stimulation via large area epidermal electrodes, all electrical stimulations rely on triggered firing of APs by the membrane depolarization of excitable cells. 39, 59 Depolarization of the transmembrane potential is induced by the local field potential V e applied on the outer membrane of the targeted neuron (Fig. 3A) . In principle, V e at a certain spatial point within the neural tissue is determined by electric fields in the surrounding electrolytic media. 10, 48, 60 Since the physical origin of the volume-conducting electric field is ionic potentials, V e correlates with the ionic current source density J (unit in A m
À2
) at a point of stimulating electrode by Maxwell's equations of electromagnetism. 10, 31, 32 Under standard electro-quasi-static conditions (i.e., the magnetic contributions are neglected), Maxwell's equations provide the simplified relationship between V e and J as J = Àr(sV e ), where s is the conductivity of the tissue media (units in S m
À1
). 38 For the simplest case of homogeneous and isotropic Ohmic volume conducting media (i.e., ionic current flows in a purely resistive manner), 41, 43 where r is the distance from the point source (units in m) and I in is the ionic current injected at the point source (i.e., electrolyteelectrode interface) towards the tissue induced by the electrode (units in A). 10, 31, 38 When V e applied on the outer membrane of the targeted neuron is large enough to depolarize the membrane to the depolarization threshold (BÀ55 mV), stimulation of the neuron occurs by firing of action potentials (APs). 39 Multiple current sources in the electrodes can be accounted via linear summation by the superposition principle as V e = P I in,n (4psr n )
. 41 As V e is proportional to I in in eqn (1), the key criterion in bioelectronic stimulation is the ability to inject more ionic current at the electrolyte-electrode interface without inducing adverse outcomes such as electrode degradation, water hydrolysis, and tissue damage. 1, 43 Two major mechanisms are widely adopted to introduce the ionic current injected at the electrolyte-electrode interfaces: (i) faradaic charge injection based on surface-confined electrochemical reactions (i.e., oxidation and reduction) and (ii) capacitive charge injection based on charging/discharging of the electrolyte-electrode interface 1, 33, 42, 61 ( Fig. 3B and C) . Since the faradaic mechanism inevitably involves oxidation and reduction of the electrode to allow direct electron transfer across the electrolyte-electrode interface, the capacitive mechanism is generally more desired in bioelectronic stimulations. 1 For more detailed discussion on various charge injection mechanisms and their characteristics, the readers are guided to several comprehensive reviews in the literature. 1, 33, 42 Capacitive charge injection can rely on either areal capacitance (i.e., EDL formation on the surface of the electrode) or volumetric capacitance (i.e., EDL formation within the micro/ nano structure of the electrode) depending on the electrode material. [62] [63] [64] When V sti builds up a potential difference at the electrolyte-electrode interface, surface aggregation of oppositely charged ions rapidly forms a compact layer (or Stern layer) with the corresponding potential drop. The residual potential difference further creates a diffusive layer of ions (or Gouy-Chapman layer) over a short distance (typically a few nm), beyond which the potential difference is equilibrated to the bulk electrolyte media 65 ( Fig. 3C) . Essentially, the formation of EDL is analogous to the charging of a capacitor with the same capacitance C e as in the equivalent circuit model (Fig. 2C ).
The electrodes can inject ionic currents I in until the EDL is fully charged with the characteristic time as
which provides an additional operational limit for stimulation inputs. Once the EDL fully forms on the electrode surface, the stimulation inputs from the electrode cannot be delivered to neural tissues anymore as the electrode is shielded by the EDL. 60, 66 Following the simplest equivalent circuit model in Fig. 2C , we can further express the governing equation for I in as
where s is the complex frequency of the stimulation waveforms. 26 Combining eqn (1) and (3), the governing equation that relates V e and V sti in bioelectronic stimulations can be expressed as
From eqn (4), the amplitude of V e is proportional to C e and V sti and inversely proportional to R e , R ic , and r. Hence, the high efficiency (i.e., high V e ) in bioelectronic stimulation requires a set of desired electrode features including high C e and V sti as well as low R e , R ic , and r. Furthermore, high C e for the given R e gives higher t EDL by eqn (2), which also benefits the bioelectronic stimulation performance by widening the applicable stimulation duration. 60, 66 However, the electrochemical threshold, V reac , of the electrode, above which adverse electrochemical reactions can occur at the electrolyte-electrode interface during the capacitive charge injection, imposes an upper limit to V sti (i.e., V sti o V reac ). Please refer to Table 3 for a summary of the requirements for tissue-electrode interfaces for efficient bioelectronic stimulation and the desired features for the electrodes.
Bioelectronic recording
In addition to bioelectronic stimulation, the ability to record neural activities constitutes an essential component for bidirectional communication between biology and electronics. 1, 41, 43 Similar to stimulation, recording of bioelectronic signals is generally For example, electroencephalography (EEG) via large area epidermal electrodes is one of the oldest and most popular methods for bioelectronic recording of brain activities. 67 Moreover, similar epidermal recording electrodes are also adopted for the recording of cardio-muscular activities such as electrocardiography (ECG) and electromyography (EMG), which are routinely conducted in various clinical settings for diagnostic purposes. With the rapidly growing demand for more specific interrogations of single neuron activities, a wide range of recording electrodes implanted in the vicinity of targeted neural tissues (typically o100 mm distance) have been developed.
2,24,43
Such a short distance between recording electrodes and neurons allows acquisition of neural signals in greater details, though with a significantly increased invasiveness in tissue-electrode interactions. 28, 30, 68 The physical mechanisms of bioelectronic stimulation and recording of biological tissues are alike but proceed in a reverse manner. 1, 43 In bioelectronic stimulation, the stimulation electrode induces ionic currents toward electrolytic tissue media to elicit membrane depolarization of nearby neurons by building a potential V e on the outer membrane of the targeted neurons 41 ( Fig. 2C and 3A ). In contrast, in bioelectronic recording, V e represents the potential generated by electrically active neurons (i.e., extracellular potential and local field potential by APs of an individual neuron) applied on the electrolyte side of the electrolyte-electrode interface 45 ( Fig. 2D and 4) . Hence, the governing equation for V e in bioelectronic recording can be expressed as
where I AP is the transmembrane current amplitude of the point source during AP firing. 10 Once extracellular potential or local field potential signals reach the recording electrode, this electric potential is transduced through the electrolyte-electrode interface (Fig. 4) . The mechanisms of charge injection between the electrolyte and the recording electrode are analogous to the mechanisms in bioelectronic stimulation (i.e., faradaic or capacitive). 1, 33 In addition, the injected electronic current within the recording electrode I e induced by V e can be expressed based on the equivalent circuit model as
where s is the complex frequency of the APs (Fig. 2D) . Also, the relationship between I e and V rec is determined by Ohm's law as
Combining eqn (5)- (7), the governing equation for V rec and I AP in bioelectronic recording is
From eqn (8) , the amplitude of V rec is proportional to C e and R ic and inversely proportional to R e and r. One crucial metric to evaluate the quality of bioelectronic recording is the signal-tonoise ratio (SNR), defined as V rec /V noise , whose amplitude determines the sensitivity of the electronic signals. 10, 41 To guarantee high quality recording, SNR should be kept above 1 (i.e., the amplitude of the signal should be larger than noise). Noise in bioelectronic recording is generally unavoidable while its degree and source vary widely including biological noise (e.g., APs from distant cells, ionic activities in tissues) and device noise (e.g., thermal noise from electrodes, amplifier noise). 41 Particularly, the device noise from the interconnect resistance, R ic , can be described by the Johnson noise, V noise 2 = 4k B TR ic Df, where k B is the Boltzmann constant, T is the temperature, and Df is the bandwidth. 10, 33 We can define the threshold interconnect resistance, R SNR , as
above which the SNR becomes lower than 1. In order to ensure successful bioelectronic recording, R SNR serves as the upper limit to R ic (i.e., R ic o R SNR ). Hence, the high efficiency (i.e., high SNR) in bioelectronic recording requires a set of desired electrode features including high C e and R ic (R ic o R SNR ) as well as low R e and r. Please refer to Table 3 for a summary of the requirements for tissue-electrode interfaces for efficient bioelectronic recording and the desired features for the electrodes.
Biomechanical interactions
On top of electrical interactions, tissue-electrode interfaces also involve a variety of biomechanical interactions. Electrodes can biomechanically interact with tissues in a less invasive manner such as epidermal attachments as well as in invasive ways such as implantation within tissues. Less invasive tissueelectrode interfaces invite relatively simple biomechanical interactions. For example, epidermal electrodes experience dynamic mechanical deformations (e.g., bending, stretching, compression) in conformal contact with soft and curvilinear skin tissues. 23 Invasive electrodes typically bring more complicated biomechanical interactions due to their direct disruption of 30 In a longer implantation period, a dense fibrous encapsulation (or a scar tissue) forms around the implanted electrode as a result of progressive chronic biomechanical interactions. [28] [29] [30] For more detailed discussions on acute and chronic inflammatory responses, the readers are guided to several comprehensive reviews in the literature. 26, [28] [29] [30] Adverse biomechanical interactions can significantly compromise the reliability and performance of bioelectronic applications. One critical origin of such adverse biomechanical interactions is the mismatch of physical and mechanical properties between man-made electrodes and human tissues that interface with the electrodes (i.e., skin, muscle, heart, spinal cord and brain). 23, 24, 43, 70 Biological tissues and cells are soft (e.g., E o 100 kPa) and with high water contents (e.g., 470%).
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Moreover, most tissues continuously experience highly dynamic mechanical stimuli. For example, skin, muscle, spinal cord, and peripheral nerves can experience as much as 30% tensile strain and displacement during routine postural movements. 24 Heart and vascular tissues experience continuous cyclic mechanical deformations during cardiovascular activities. Brain tissues and neurons undergo mm-scale micromotions due to respiratory and cardiovascular cycles in the brain. 2, 24 In contrast, most conventional electrode materials such as metals and silicon are rigid (e.g., E 4 1 GPa) and static (e.g., elastic strain limit o5%).
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Dissimilar physical and mechanical properties between implanted electrodes and human tissues introduce two major consequences in bioelectronics: (i) the increase in interfacial impedance due to the scar tissue formation and (ii) the reduction in stimulation/recording efficacy due to the increasing tissue-electrode distance 43 ( Fig. 5 ). Electrodes with much higher elastic moduli and lower flexibility than biological tissues are prone to induce more injuries during the initial implantation. 24, 69 Furthermore, significant mismatch in mechanical properties can provoke a higher degree of tissue scarring in long-term via elevated foreign body responses. 28, 30 A dense scar tissue around the electrode can substantially increase the interfacial impedance, which is given by the equivalent circuit model as
, by increasing the resistance (higher R e ) and/or degrading the charge injection capacity (lower C e ) of the electrode. 2, 41 Hence, a higher interfacial impedance is detrimental to both bioelectronic stimulation and recording based on eqn (4) and (8) . Formation of the dense scar encapsulation further harms bioelectronic performance by increasing the distance between the target neural tissue and the electrode (i.e., higher r in eqn (4) and (8)) (Fig. 5) . Mechanical mismatch adversely affects less invasive epidermal bioelectronic applications as well. The stretchable, non-planar, and highly dynamic nature of human skin provides a substantially challenging environment for mechanically dissimilar electrodes to keep conformal contact over time. 23, 24 Differences in stretchability and/or bending stiffness at the tissue-electrode interface can generate mechanical failures such as delamination, which impede bioelectronic performance.
Design guideline for tissue-electrode interfaces
Considering the complexity and multitude of tissue-electrode interfaces, a rationally guided approach is crucial for successful development of next-generation bioelectronic materials and devices. As summarized in Table 3 , fundamental tissue-electrode interactions discussed in Sections 2.1-2.3 provide a set of requirements and corresponding desired electrode features for bioelectronic stimulation and recording. High C e values as well as low R e and E are desirable for both bioelectronic stimulation and recording, which provides the first-order design guideline for future developments. In the following section, we will use these design guidelines to discuss hydrogels' unique advantages in bioelectronic interfaces and their recent advances.
Hydrogels as next-generation bioelectronic interfaces
Early bioelectronic interfaces mostly relied on relatively simple electrodes such as insulated metallic microwires or needles. 24, 43 The explosive technological developments in the electronic industry have subsequently introduced much advanced neural probes based on microfabricated silicon and metals. These commercially available microelectrodes such as the Michigan-type probes, 71 Utah arrays, 72 and deep brain stimulation probes 12 are still considered as state-of-the-art tools for neuroscientific studies and clinical treatments. In spite of their great success, these commercially available bioelectronic interfaces have called the need for further advances due to their sub-optimal performance (e.g., insufficient charge injection capacity and high interfacial impedance) and numerous deleterious outcomes from substantial biomechanical mismatch to neural tissues (e.g., device encapsulation by scar tissue and chronic degradation of performance). 24, 43, 68 The majority of conventional electrode materials (e.g., silicon, gold, platinum, titanium nitride, iridium, tungsten, and tin) exhibit very high Young's moduli over 1 GPa, which are several orders of magnitude higher than that of neural tissues. 2, 23, 24, 43 In the last decade, a number of novel materials and laboratory-level devices have been developed to minimize the biomechanical dissimilarities between electronics and biology. 3, [69] [70] [71] For example, polymeric materials such as plastics (e.g., polycarbonate, polyimide, and parylene C) and elastomers (e.g., epoxy, PDMS, and polyurethane) have been adopted to reduce the modulus gap. 23 However, their Young's moduli (typically 1 MPa to 1 GPa) are still much higher than those of neural tissues (E B 10 kPa) and not sufficient to provide truly mechanically matching interfaces.
With close similarity to biological tissues, hydrogels have attracted growing interest in the field of bioelectronics. 23, 26 Hydrogels' unique tissue-like mechanical property and biocompatible nature endow a promising route to minimize biomechanical mismatch at tissue-electrode interfaces [34] [35] [36] (Fig. 6 ).
Unlike other dry electrode materials, the water-and ion-rich hydrogels have the potential to offer unconventional but improved stimulation/recording performance via integrative use of both electronic and ionic activities. 62 While hydrogels consist of a broad range of material designs and chemistries, hydrogels in bioelectronics find four major embodiments: (i) hydrogel coatings and encapsulations, (ii) ionically conductive hydrogels, (iii) conductive nanocomposite hydrogels, and (iv) conducting polymer hydrogels (Table 4) .
Hydrogel coatings and encapsulations
The simplest way of introducing hydrogels in bioelectronics is through coating and encapsulation of existing bioelectronic devices with hydrogels. Despite the simplicity of the embodiment, recent advances in hydrogel coatings and encapsulations demonstrate a promising route to alleviate adverse biomechanical interactions between existing electrodes and biological tissues. Hydrogel coatings have found a ubiquitous usage in commercially available epidermal stimulation and recording electrodes (Fig. 7) . Skin-electrode interfacial impedance is significantly affected by various factors including the conformal contact with the skin and the degree of epidermis hydration. 73 Poor interfacial contact between skin and electrodes increases r in eqn (1), which results in substantial reduction in both stimulation and recording performances. Dehydrated epidermis acts as a barrier to ionic currents (i.e., lower C e and higher R e in the equivalent circuit) and increases the interfacial impedance. 73 Soft, adhesive, and wet hydrogel coatings possess particular suitability to ensure conformal contact and hydrated epidermis, and therefore, have been widely adopted in various forms of EEG, EMG, ECG, and TENS electrodes. More recent advances in epidermal bioelectronic devices also benefit from hydrogel coatings as a unique bridging interface to skin, including long-term conformal EMG sensors, 74 electronic skin, 75, 76 and highly stretchable wearable devices.
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In more invasive applications, hydrogel coatings with matching mechanical property can improve the biocompatibility of neural implants by attenuating neuroinflammatory responses. Soft poly(ethylene glycol) 78, 79 and poly(vinyl alcohol) 80 hydrogel coatings around stiffer implants (e.g., glass, silicon, and PDMS) effectively reduce the degree of glial scarring and neural cell loss by minimizing the induced strain field during brain micromotions (Fig. 8) . Together with tissue-like mechanical property, hydrogels' ability to provide biofunctional interfaces further benefits the use of hydrogel coatings and encapsulations. Neural adhesion molecules incorporated in hydrogel coatings can significantly lower the degree of astrogliosis and the loss of neuronal bodies around neural implants. 81 The water-rich nature of hydrogels also allows controlled delivery of biofunctional substances. Hydrogel coatings and encapsulations are engineered to deliver nerve growth factors 82 and anti-inflammatory drugs 83 into the surrounding neural tissues, which substantially alleviate neuroinflammatory responses in the case of chronic in vivo implantations. In addition to improvements in biocompatibility, hydrogel coatings and encapsulations have been utilized to provide better attachment and integration between the implanted electrodes and the surrounding tissues. 84, 85 Hydrogels' superior biocompatibility coatings and encapsulations can serve as tissue scaffolds that promote cell adhesion, proliferation, and tissue in-growth, providing bio-integrated interfaces between the implanted devices and tissues. 88, 89 Together with enhanced biocompatibility, such improved biomechanical interfaces by hydrogel coatings and encapsulations can offer significantly enhanced performances for bioelectronic applications by imparting long-term stability in interfacial impedance.
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Ionically conductive hydrogels
Unlike conventional dry engineering materials, the high water contents and nano-or micro-porous architecture of hydrogels permit the ionic conductivity by dissolved mobile ionic species (e.g., salt ions) similar to electrolytic tissue media. 92, 93 However, hydrogels are elastic solids whose mechanical properties are originated from the crosslinked polymer networks, distinguishing them from liquid-phase electrolytes. 94 This unique combination of ionic conductivity and soft elastic nature, together with other advantageous properties such as optical transparency, renders ionically conductive hydrogels as a promising material in various bioelectronic applications. 95, 96 Ionically conductive hydrogels are most commonly prepared by dissolving ionic salts (e.g., NaCl, LiCl) into the hydrogels. 94, 95 The resultant ionically conductive hydrogels can exhibit high stretchability (410 times the original length), tissue-like softness (E o 100 kPa), and high ionic conductivity (410 S m À1 ). 94, 95 While these ionically conductive hydrogels possess good electrical properties and favourable mechanical properties, they have been mostly utilized in non-invasive bioelectronic applications such as wearable devices 97 and epidermal electrodes 74 due to the need of relatively high salt concentrations (41 M) compared to the physiological ionic concentrations (o300 mM). 94, 95 Hydrogels are capable of exchanging dissolved substances such as ions with the surrounding tissue media via diffusion over time. Hence, the high ionic concentrations in ionically conductive hydrogels can potentially cause biocompatibility issues as well as unstable bioelectronic performances in more invasive bioelectronic applications (e.g., implantable devices). 98 Recently, another type of ionically conductive hydrogels with improved stability in physiological environments is developed based on the phase-separation between polyethylene glycol hydrogels and aqueous salt solutions 98 (Fig. 9A) . The phaseseparated aqueous ionic solutions can provide soft, stretchable, and highly ionically conductive circuits within the biocompatible polyethylene glycol hydrogels without undesirable diffusion of ions into the surrounding tissue media. The improved stability in physiological environments enables in vivo bioelectronic stimulation of muscles by the ionically conductive hydrogel circuits in direct contact with tissues over extended periods of time ( Fig. 9B and C) .
Conductive nanocomposite hydrogels
Hydrogels can allow ionic currents via dissolved ions in water but typically act as electronic insulators (i.e., no electron flow). Consequently, the electrical properties of hydrogels in the physiologically relevant conditions are mostly similar to those of the tissue media, and much inferior to common electronic conductors (e.g., metals). 92, 93 Hence, the presence of hydrogels at tissue-electrode interfaces can potentially compromise electrical performance in spite of enhanced biomechanical interactions. Owing to this limitation, hydrogel coatings and encapsulations commonly serve as biomechanical enhancers, while bioelectronic stimulation and recording still rely on conventional electrodes. 73, 79, 80 Introducing enhanced electrical property (e.g., lower interfacial impedance and higher charge injection capacity) without compromising their desirable biomechanical features (e.g., low mechanical modulus and biocompatibility) can provide opportunities to further improve tissue-electrode interfaces. One possible route to enhance the electrical property of hydrogels is by incorporating electronic conductivity on top of their ionic conductivity. Hydrogels are nano-or micro-porous 3D polymeric networks infiltrated with water, and such inherent porous architecture offers ample room for composite formation with a wide range of materials. In recent years, several types of electronically conductive nanomaterials including metallic nanoparticles and nanowires, carbon nanotubes, and graphene have been composited with the hydrogel matrix to endow electronic conductivity. [99] [100] [101] [102] By integrating these conductive nanomaterials into the hydrogel matrix, the resultant hydrogel composites can possess both ionic and electronic conductivity while retaining hydrogels' unique biomechanical benefits. In this section, we introduce several recent advances in conductive nanocomposite hydrogels based on metallic and carbon nanomaterials, and their properties and applications in bioelectronics.
Metal nanocomposite.
Metals boast superior electrical properties and are the most widespread electronic conductors for bioelectronic electrodes. Therefore, composite formation between metals and hydrogels is one of the most straightforward strategies to introduce electronic conductivity to hydrogels. However, metals are typically susceptible to corrosive degradation in a wet environment, which can cause significant problems in bioelectronic applications such as tissue damage and reduction in electrical performances. 1, 43 Noble metals like gold and platinum show higher resistance against electrochemical degradation in physiological environments, and thus, are commonly adopted as electrode materials. 1 Hence, the use of noble metals is also similarly beneficial for conductive hydrogel composites. [102] [103] [104] To avoid the undesirable trade-off between mechanical and electrical properties in metal-hydrogel composites, metallic fillers are typically introduced in the form of nanoscale particles or fibers. 104, 105 For example, silver nanowires (AgNWs) have been successfully incorporated into the poly(acrylamide) hydrogel to form highly flexible micropatterned electrode arrays 104 ( Fig. 10A) . The conductive silver provides superior electrical conductivity, and nanoscale interactions between highly flexible AgNWs and hydrogel polymer networks allow great flexibility and low mechanical modulus comparable to the original poly-(acrylamide) hydrogel. 104 As another example, gold nanowires (AuNWs) have been composited with the alginate hydrogel to develop a bioelectronic cardiac patch 102 ( Fig. 10B) . The alginate hydrogel provides a biocompatible three-dimensional extracellular matrix-like tissue scaffold while the nano-composited AuNWs endow the hydrogel high electrical conductivity, which can be used to synchronously stimulate imbedded cardiomyocytes. The resultant AuNW-alginate nanocomposite hydrogel shows improved cardiac tissue growth and maturation compared to the pristine alginate hydrogel. 102 
Carbon nanocomposite.
Due to high electrical conductivity, extraordinary mechanical and optical properties, and natural abundance, carbon-based nanomaterials such as carbon nanotubes (CNTs) and graphene have attracted growing interest as conductive materials for hydrogel composites. 106, 107 Particularly, carbon-based nanomaterials' outstanding stability in the wet environment has greatly boosted their usage in conductive nanocomposite hydrogels as an alternative choice over metallic nanomaterials. 107 CNTs are nanoscale single-or multi-walled carbon tubes with a very high aspect ratio, which makes them commonly be called 1D materials (Fig. 11A) . The nanofibrous morphology together with good mechanical and electrical properties makes CNTs a promising candidate for conductive hydrogel nanocomposites. Furthermore, the ease of their chemical functionalization provides additional benefits for hydrogel composites. Several approaches such as covalent or physical crosslinking and polymer grafting have been developed to achieve conductive CNT-hydrogel nanocomposites.
108,109
Owing to carbon-based nanomaterials' flexibility in chemical functionalization, a wide range of biocompatible hydrogels have been adopted as composite matrix including poly(ethylene glycol), poly(vinyl alcohol), collagen, gelatin, chitosan, alginate, and guar-gum. 108 Recent advances in CNT-based conductive hydrogel nanocomposites have provided a versatile engineering platform for bioelectronic applications in nervous and cardio-muscular systems. For example, Shin et al. developed a functional cardiac patch by seeding cardiomyocytes onto a CNT-gelatin methacrylate (GelMA) conductive nanocomposite hydrogel 100 (Fig. 11B) .
The CNT-GelMA nanocomposite hydrogel shows greatly improved excitatory responses and synchronous beating of the myocardial tissue cultured onto it. 100 The CNT-GelMA nanocomposite hydrogel was also adopted by Ahadian et al. for skeletal muscle cells, but with vertically aligned CNTs to provide strong anisotropy in electrical properties. 110 Vertically aligned CNTs in the conductive hydrogel nanocomposite contribute to enhanced myogenic maturation and responses compared to random or horizontally aligned CNTs in hydrogel composites. 110 Significantly improved electrical property in CNT nanocomposite hydrogels further enables cardiovascular defect repairs by engineering the electrical property of CNT-gelatin-chitosan hydrogels similar to the native cardiac tissues. 111 Graphene, a single-or multi-layered 2D nanocarbon structure, is one of the most important forms of carbon-based nanomaterials (Fig. 12A) . Similar to CNTs, graphene boasts high electronic conductivity, extraordinary mechanical property, and good stability in a wet environment. Moreover, the p-p interactions between graphene nanosheets further provide a rich room for selfassembly assisted formation of hydrogel nanocomposites. 112, 113 Graphene sheets can form a self-assembled network by themselves or interact with other polymers via electrostatic and/or chemical bonds. Taking advantage of this unique self-assembly capability, graphene has been made into nanocomposite hydrogels using hydrothermal 113, 114 and chemical approaches 115, 116 as well as interpenetration with non-conductive hydrogel templates similar to other nanofillers.
117-119
Works by Annabi et al. 118 and Jo et al. 120 successfully demonstrate that graphene-based nanocomposite hydrogels can synergistically combine high electrical conductivity and favorable mechanical property (e.g., stretchability and low modulus) with good in vitro as well as in vivo biocompatibility (Fig. 12B) . This success has encouraged the development of more functional bioelectronic devices based on graphene nanocomposite hydrogels. For instance, Han et al. developed selfhealable and self-adhesive graphene nanocomposite hydrogels for a range of bioelectronic applications including epidermal EMG recording and implantable intramuscular stimulation 121 ( Fig. 12C ). More recently, Xiao et al. showed that the graphenepoly(vinyl alcohol)-poly(ethylene glycol) nanocomposite hydrogel can match the signal recording quality of the commercially available ECG recording electrodes with improved biocompatibility. 122 
Conducting polymer hydrogels
Composite formation between hydrogels and conductive nanomaterials provides a simple and effective route to introduce electronic conductivity, but it has several limitations as well. Nano-scale filler size is still much larger than individual polymer chains in hydrogel networks (typically sub-nm scale), and such disparity in length scales can be the source of inhomogeneity in mechanical and electrical properties. 123, 124 Furthermore, several nanomaterials such as CNTs have been found to be potentially cytotoxic via their unfavourable mechanical interactions with the cellular membrane. 125, 126 Interestingly, intrinsically conducting polymers (or simply conducting polymers) such as polypyrrole (PPy), polyaniline (PAni), and poly(3,4-ethylenedioxythiophene) (PEDOT) have recently gained increasing popularity in hydrogel bioelectronics as an attractive alternative 43, [127] [128] [129] [130] ( Fig. 13A) .
Conducting polymers are p-conjugated polymers with alternating single and double covalent bonds, which can conduct electrons. The physical origin of the electronic conductivity in conducting polymers is the delocalization of p-bonded electrons over the conjugated backbone structures (Fig. 13B) . To enhance the electronic conductivity, conducting polymers are commonly used together with various ionic dopants. The incorporation of ionic dopants further oxidizes (p-doping) or reduces (n-doping) the conducting polymer at the p-bond sites by removing or donating electrons. Such additional ionic doping creates free radicals that can pair with the dopant to form polarons, which can further be oxidized to bipolarons. These polaron/bipolaron sites facilitate electronic conduction by providing additional paths for charge carriers along with the conducting polymer backbone under the applied electric potential. [131] [132] [133] Conducting polymers offer several unique advantages for hydrogel bioelectronics. Unlike metallic or carbon nanomaterials, the polymer chain-level intrinsic electronic conductivity allows extraordinary flexibility and compatibility in their use with other polymer systems like hydrogels. The organic and polymeric nature of conducting polymers enables ready access to rich and wellestablished chemical modification toolboxes. Some conducting polymers are hygroscopic or water-swellable, and oftentimes take a hydrogel form in a wet environment. High water contents within the bulk conducting polymers can provide soft mechanical property as well as high ionic conductivity together with the inherent electronic conductivity. 63, 134, 135 Notably, the co-presence of polymer chain-level ionic and electronic conductivity makes conducting polymers a particularly charming candidate for bioelectronic applications. The waterrich and polymeric nature allows prompt penetration of ions into the bulk conducting polymers, and the electronically conductive polymer backbones create nm or sub-nm scale molecularlevel EDL throughout the bulk material. This unique mechanism yields high volumetric capacitance (i.e., C e proportional to the volume of the electrode) unlike the areal capacitance of metals (i.e., C e proportional to the surface area of the electrode) 62, 64, 136, 137 ( Fig. 14) . Following the same governing equation and the equivalent circuit models discussed in Section 2, the high volumetric capacitance can substantially decrease the interfacial impedance and enhance the performance of both bioelectronic stimulation and recording, especially for small-scale electrodes with limited surface areas. Driven by the unique combination of favourable chemical, mechanical, and electrical properties, conducting polymer hydrogels have already found widespread usages in a number of applications such as neural implants, implantable sensors, prosthetic interfaces, and controlled drug delivery. 128, [138] [139] [140] [141] [142] [143] [144] [145] [146] [147] [148] [149] [150] [151] This broad spectrum in applications is largely aided by their marked flexibility in processing and preparation. Conducting polymers can take a wide range of forms including polymerizable aromatic monomers, long-chain polymers, and crosslinked networks, and the choice of appropriate forms greatly affects the development of conducting polymer hydrogels. Conducting polymer hydrogels are most commonly prepared by forming molecular-level composites or interpenetrating networks (IPNs) between conducting polymers and non-conducting hydrogel templates. More recently, pure conducting polymer hydrogels (i.e., hydrogels prepared only with conducting polymers without non-conducting hydrogel templates) are developed to further improve the electrical property. In this section, we discuss the recent progress in conducting polymer hydrogels and their applications in bioelectronics based on two major preparation strategies. 3.4.1 Interpenetrating network (IPN) hydrogels. Similar to conductive nanocomposite hydrogels, conducting polymers are frequently adopted as electronically conductive additives for the original hydrogel matrix. The polymeric nature of conducting polymers allows the molecular-level composites by forming IPNs with the template hydrogel networks. Such molecular IPNs can not only minimize potential trade-offs in mechanical properties, but also significantly reduce possible heterogeneity in mechanical and electrical properties. IPN hydrogels are typically prepared through three major approaches: (i) direct mixing Fig. 14 Capacitive charge injection by metallic electrode materials relies on the formation of surficial EDL whose capacitance is proportional to the electrode area (areal capacitance). In contrast, capacitive charge injection by a conducting polymer hydrogel electrode relies on the formation of molecularlevel EDL throughout the conducting polymer hydrogel whose capacitance is proportional to the electrode volume (volumetric capacitance).
between conducting polymers and the template hydrogel precursors, (ii) in situ polymerization of conducting polymers within the hydrogel templates, and (iii) in-growth polymerization of conducting polymers into the hydrogel templates [152] [153] [154] [155] [156] [157] [158] [159] [160] ( Fig. 15) .
Direct mixing of conducting polymers provides a straightforward and chemically simple route to form IPN hydrogels. A wide range of hydrogels (e.g., poly(acrylamide), poly(acrylic acid), and gellan gum) and conducting polymers (e.g., PEDOT: PSS and PAni) have been used to form IPN hydrogels via the direct mixing strategy. [161] [162] [163] The electrical performance of IPN hydrogels (e.g., electrical conductivity and volumetric capacitance) is typically proportional to the amount of conducting polymers in the hydrogel template. However, the direct mixing approach oftentimes faces limitations in terms of increasing conducting polymer contents. To address this challenge, in situ polymerization to form conducting polymers within the hydrogel template has been proposed. 155, 156, 158, 160, 164, 165 In situ polymerization is typically achieved by introducing oxidative reagents (e.g., ferric ions and persulfate salts) into the hydrogel template containing aromatic monomers of conducting polymers. In some bioelectronic applications, localized formation of IPN hydrogels is strongly preferred over the bulk IPN hydrogel. For example, complex patterning of conducting polymer hydrogels or selective introduction of electronic conductivity to existing hydrogel coatings and encapsulations represents a more spatially controlled strategy other than direct mixing or in situ polymerization. Notably, polymerization of conducting polymers can also be realized by electropolymerization, in which electrochemical oxidation by the applied electric potential serves the same role as oxidative reagents in in situ polymerization. Utilizing electropolymerization, selective in-growth of conducting polymers into the hydrogel template has been applied to develop conductive hydrogel patterning 166, 167 and neural implant coatings 138, 168 (Fig. 16 ).
Together with enhanced electrical performance, mechanical reliability of the electrode also plays a critical role in bioelectronic applications. Several recent efforts have aimed to develop mechanically robust IPN hydrogels. Early attempts simply adopted mechanically robust hydrogels as the template for conducting polymer IPN formation 157, 169, 170 (Fig. 17A) . Interestingly, IPN formation between two networks is a common strategy to achieve mechanically robust hydrogels via doublenetwork formation. 171, 172 Inspired by this similarity, several recent works demonstrated that conducting polymers can serve as the second network for tough double-network hydrogels to synergistically impart both electronic conductivity and mechanical robustness [173] [174] [175] [176] (Fig. 17B) .
3.4.2 Pure conducting polymer hydrogels. While IPN hydrogels provide a rich design space for engineering and enhancement of electrical property, they have a few intrinsic limitations. Particularly, further improvement in electrical performance is greatly hindered by the inherent presence of the electrically insulating template networks. Non-conducting template networks in IPN hydrogels can interfere with the successful interconnections (or percolations) between conducting polymers, which is essential for high electronic conductivity and volumetric capacitance. 135, 136 To overcome this limitation, pure conducting polymer hydrogels have recently been explored by avoiding the use of non-conducting hydrogel templates. However, preparation of pure conducting polymer hydrogels invites new technical challenges to ensure sufficient mechanical property and stability in the absence of supporting matrix. Several approaches including self-assembly and introduction of crosslinkable moieties have been successfully adopted to prepare pure conducting polymer hydrogels. [177] [178] [179] [180] [181] Among conducting polymers, PEDOT:PSS is one of the most widespread materials for pure conducting polymer hydrogels. PEDOT is generally not water-soluble, but a stable water dispersion of PEDOT can be achieved by introducing polyanionic dopants such as poly(styrene sulfonate) (PSS). Benefited by its ability to form stable and benign aqueous dispersion with superior biocompatibility and processability, PEDOT:PSS has been widely utilized in bioelectronics. 127, 142, 182 Very recently, several preparation approaches are proposed to achieve pure conducting polymer hydrogels from PEDOT:PSS aqueous dispersions. Yao et al. showed that pure PEDOT:PSS hydrogels can be prepared by adding concentrated sulfuric acid into PEDOT:PSS aqueous solution followed by thermal treatment 181 ( Fig. 18A) .
Remarkably, the resultant pure PEDOT:PSS hydrogels exhibit an extraordinary electronic conductivity of 8.8 S cm À1 with over 95%
water contents. As another example, Xu et al. demonstrated pure PEDOT:PSS hydrogels by using poly(ethylene glycol)-peptide as a physical crosslinker for aqueous PEDOT:PSS dispersion 183 ( Fig. 18B) . Notably, peptide-based noncovalent crosslinking of the hydrogel provides self-healing and injectable property as well as superior biocompatibility.
Other conducting polymers such as PAni and PPy have also been adopted to prepare pure conducting polymer hydrogels. Pan et al. demonstrated pure PAni hydrogels with high electronic conductivity (0.11 S cm À1 ) by using phytic acid as both dopant and crosslinker for PAni 178 (Fig. 19A) . The resultant pure PAni hydrogels also exhibit superior specific capacitance (B480 F g À1 ) and glucose sensing capability. Lu et al. showed that elastic pure conducting polymer hydrogels can be realized by aging of the weakly gelled PPy suspension 184 (Fig. 19B) .
Interestingly, the mechanical stability and elasticity of the pure PPy hydrogels stem from the gradual maturation of PPy networks during the aging process of polymerized pyrrole solution with deficient oxidant (ferric nitrite).
Hydrogel-device interfaces
In hydrogel bioelectronics, the hydrogels form interfaces not only with the biological tissues but also with the electronic systems, typically in the form of metallic electrodes, interconnects, and external terminals. Together with hydrogel-tissue interfaces, hydrogel-device interfaces also play a critical role in order to achieve desirable bioelectronic performances and functionalities. While hydrogel-tissue interfaces mostly involve bioelectronic and biomechanical interactions as discussed in Section 2, hydrogel-device interfaces invite a distinctive set of challenges. For example, the soft and high water-containing nature of hydrogels poses a number of difficulties in the longterm stability of hydrogel bioelectronic applications including weak adhesion and dehydration. Furthermore, incorporation of hydrogel interfaces in the fabrication of bioelectronic devices with high spatial resolution and complexity is oftentimes a nontrivial task. In this section, we highlight several key issues in hydrogel-device interfaces and recent advances including adhesion, dehydration, and fabrication of hydrogel interfaces.
Adhesion of hydrogel interfaces
Engineering devices typically consist of numerous materials based on their corresponding merits in functionality. Not surprisingly, existing bioelectronic devices are also highly integrated systems made out of a wide range of materials, such as metallic interconnects, silicon substrates, and polymeric passivation layers. Likewise, hydrogel bioelectronic devices also involve a broad spectrum of materials, many of which are not hydrogels. In such integrated systems, robust assembly (or interfacial adhesion) between distinctive components is one of the most critical factors that determines the overall reliability and robustness of the devices. Even for existing hydrogel coatings and encapsulations for bioelectronic devices, insufficient interfacial adhesion poses significant challenges such as delamination failure of hydrogel coatings. Due to the physical and mechanical uniqueness of hydrogels such as very low elastic moduli and high water contents, View Article Online robust interfacial adhesion between hydrogels and other engineering or biological materials has been a formidable challenge. 36 Recently, tough bonding of hydrogels on diverse solids has been proposed by covalently anchoring stretchy polymer networks of hydrogels on solid surfaces [185] [186] [187] (Fig. 20A) .
Furthermore, robust hydrogel hybrids have been achieved with a broad range of materials including metals 76, 185 (Fig. 20B ), elastomers 75, [187] [188] [189] (Fig. 20C ) and biological tissues. 190, 191 Such robust interfacial adhesion of hydrogels on various devices can offer more reliable bioelectronic performances and functionalities, particularly for dynamic and highly deformable tissues such as skin. 75, 77, 192 
Dehydration of hydrogel interfaces
High volume fraction of water is one of the most essential requirements for hydrogels to retain their advantageous properties such as mechanical compliance and ionic conductivity. While implanted hydrogel bioelectronic interfaces can keep the hydrated state by continuously exchanging water from the surrounding wet environments, epidermal hydrogel interfaces are susceptible to dehydration due to the evaporation of water molecules into the atmosphere. 96 Dehydration of hydrogel interfaces in dry conditions and subsequent changes in mechanical and electrical properties can adversely affect bioelectronic performances. For example, dehydrated hydrogels become stiff and less stretchable with significantly decreased ionic conductivity, prohibiting their use as bioelectronic stimulation and recording electrodes. 73 To avoid dehydration of hydrogel interfaces, several methods have been proposed at both material-level and device-level. At the material-level, the addition of hydroscopic elements such as glycerol, 193 cellulose, 194 and highly concentrated salts 195, 196 into hydrogels can provide enhanced retention of water in dry conditions. At the device-level, the encapsulation of hydrogel interfaces with stretchable evaporation barriers such as thin elastomeric coatings 187, 189, 197 has been explored.
Fabrication of hydrogel interfaces
Transforming bulk materials into functional devices with complex designs and architectures is a highly non-trivial process. Among numerous challenges, appropriate fabrication strategies to process bulk materials into desired patterns and shapes in a highly integrated manner are one of the most crucial technological requirements. With remarkable advances and efforts during the last few decades, several well-established fabrication techniques such as micromachining, lithography, and thermal drawing have served as workhorses to drive innovation and establishment of state-of-the-art bioelectronic devices. These advanced fabrication techniques have enabled the development of existing commercially available bioelectronic devices (e.g., Michigan-type probes, 71 Utah arrays, 72 and DBS probes 12 ) as well as laboratory-level devices (e.g., flexible electronics 3, 5, [198] [199] [200] and multifunctional polymer probes 201, 202 ). However, many of these established fabrication approaches are not compatible with hydrogels or require significant modifications, mostly due to hydrogels' distinctive properties compared to conventional engineering materials. For example, the soft and compliant nature of hydrogels virtually prevents the use of micromachining of high-precision small-scale features. 203 Moreover, high water contents in hydrogels generally obviate the co-processing with other engineering materials in a high temperature environment (e.g., thermal drawing). In order to incorporate hydrogel interfaces into bioelectronic devices with sufficient spatial resolution and complexity, several fabrication approaches have been adopted in hydrogel bioelectronics. As one example, ink-jet printing has been utilized to deposit hydrogels on the device surface with micron precision. 204, 205 More recently, several 3D printing techniques have been introduced to hydrogel bioelectronics as a new route to construct complex 3D structures in small scales. Stereolithography (SLA) printing can generate highly complex designs of hydrogel constructs with high resolution. 206, 207 The direct ink writing (DIW) 3D printing technique provides a particularly attractive approach owing to its superior flexibility in terms of material choice and processing (Fig. 21 ).
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5 Future development directions for hydrogel bioelectronics
During the last decade, the tremendous amount of efforts highlighted above has driven rapid progress in this nascent field. Hydrogels have found their unique role in numerous stimulation and recording applications as bioelectronic and biomechanical bridging interfaces. A myriad of novel hydrogel interfaces have also shown unprecedented integration of outstanding electrical and mechanical properties. Despite these recent advances, hydrogel bioelectronics still faces numerous challenges ahead. For example, the majority of works on hydrogel bioelectronics have mostly focused on material developments accompanied only with proof-of-concept level demonstrations. However, the successful implementation ultimately depends on the device-level translation of technologies specific to the application of interest. Not surprisingly, such upcoming device-level implementation of hydrogel bioelectronics may likely invite a number of new issues and tasks, including a higher requirement of electrical and mechanical properties as well as device assembly and fabrication.
On the other hand, these remaining challenges provide an ample room for future developments, particularly as the field is growing beyond its early stage. Continuous efforts to further improve the electrical and biomechanical performances of hydrogels may be one obvious direction, while the addition of new functional properties such as biodegradability can also open untapped opportunities. Regarding the road toward device-level translation of hydrogel bioelectronics, technological innovations for the successful device realization will require intense future developments too. For instance, robust interfacial assembly between hydrogels and various devices and tissues is still an open question in the field. Furthermore, hydrogel bioelectronics yet resides outside of many well-established advanced manufacturing techniques, which are essential for fabrication of complex functional devices. Here, we classify future development directions for hydrogel bioelectronics into three major categories: (i) development of hydrogels with improved property, (ii) robust integration between hydrogels and other device components, and (iii) advanced fabrication methodologies for hydrogel bioelectronic devices.
Improved property
Aided by recent advances, the improvements in the electrical and biomechanical properties of hydrogels have been remarkable. Electronic conductivity is now routinely introduced into a wide range of hydrogels based on a variety of novel chemistries and materials. The mechanical property of engineering hydrogels has started to closely match that of native biological tissues while retaining extraordinary biocompatibility. However, there is still plenty of space for further enhancement. As one example, conductive hydrogels are still limited in relatively low electrical conductivity (typically less than 1 S cm
À1
, which is several orders of magnitude lower than that of dry conducting polymers or metals), and oftentimes require the employment of acutely toxic substances for their preparation. 181 While hydrogels with extraordinary stretchability and toughness have been recently developed, 172, 214 synergistically incorporating such mechanical performance and favourable electrical property is yet an unresolved challenge in the field. For example, most of pure conducting polymer hydrogels with good electrical conductivity typically suffer from poor mechanical properties, which greatly hinders their utilization in bioelectronic devices. Moreover, finetuning of their mechanical properties to match specific target tissues is also a remaining challenge to explore. Adding a new property into bioelectronic hydrogels also provides a promising direction for future development. On top of biocompatibility of hydrogels, biodegradability can be an appealing feature in bioelectronic applications. Biodegradable or transient devices substantially benefit bioelectronic applications by avoiding undesirable surgical removal of implanted devices from neural tissues. 215, 216 Biodegradability has been introduced in a few types of bulk conductive hydrogels, [217] [218] [219] but incorporation of biodegradability in high-performance hydrogel bioelectronic devices may still require extensive efforts to be realized. Introduction of self-healing property can also be a promising direction to explore. Numerous self-healing hydrogels have been developed to mimic the self-repairing function of living tissues, 220,221 but self-healing property is yet rarely studied in hydrogel bioelectronics.
222,223
Robust integration
Despite the recent progress in the adhesion of hydrogel interfaces, robust integration of hydrogels into various bioelectronic devices and biological tissues still has unaddressed challenges and new opportunities for future developments and investigations. While a few early studies including covalent coupling of hydrogel coatings for neural implants 78 and mussel-inspired adhesion of conductive hydrogels for cardiac patches 224 have
shown initial efforts toward this direction, there are more to be done. The unique chemistry of many hydrogels with promising electrical and mechanical properties (e.g., pure conducting polymer hydrogels) necessitates further technological innovations to realize robust interfacial integration. Together with device-level integration of hydrogels, reliable interfacial assembly of hydrogels with target tissues can also be a possible direction for future developments. For example, attachments of implantable hydrogel bioelectronic devices on highly dynamic and deforming wet tissues (e.g., heart, muscle, and spinal cord) typically rely on sub-optimal tissue adhesives or suturing due to the lack of capability to form robust and instant interfacial adhesion. Addressing these challenges in robust integration of hydrogel bioelectronics will greatly benefit the development of next-generation devices and applications by alleviating potential mechanical and electrical failures at the interface.
Advanced fabrication
Development of advanced fabrication methodologies for hydrogel bioelectronics is still in its infancy, and future advances toward this direction will significantly support the success and establishment of the field. While several advanced fabrication approaches such as ink-jet printing and 3D printing have been introduced to hydrogel bioelectronics, further developments are necessary in various aspects. For example, ink-jet printing and 3D printing have been applicable for a few limited types of hydrogel bioelectronic interfaces such as ionically conductive hydrogels. Hence, expanding the coverage of such advanced fabrication methods can be one promising direction for future development. Interestingly, a few conducting polymers such as PEDOT:PSS and PAni have been used in ink-jet printing for fabrication of electronic devices in dry environments, 178, 225, 226 which provides an encouraging starting point for future developments. Moreover, incorporating hydrogel bioelectronic interfaces into well-established conventional fabrication techniques can also be a potential direction to explore. For instance, conducting polymers such as PEDOT:PSS have been adopted in lithographybased fabrication processes to achieve high-resolution electronic devices operating in dry conditions. 226 Similar approaches may provide opportunity to take advantage of well-established fabrication methods in hydrogel bioelectronics.
Concluding remarks
During the last few decades, the remarkable similarities of hydrogels to biological tissues made them one of the most heavily studied engineering materials in a variety of fields including tissue engineering, biomedicine, biomechanics and physics. However, hydrogels have found their growing importance in bioelectronics relatively recently. Interestingly, the advances in hydrogel bioelectronics progress hand-in-hand with our understanding of interactions between biology and electronics. With our previously limited knowledge of biological systems and their interactions in contact with electronics, commonly used engineering materials and devices (e.g., metal-and silicon-based probes) were deemed sufficient. Consequently, developments in bioelectronic devices have mostly focused on the advancements of functionalities and form factors within the boundary of conventional electronic materials. As we understand more about the complex nature of tissue-electrode interactions, our comprehension of the source of myriad of adverse outcomes and failures of bioelectronic devices grows together. One critical lesson from the recent progress in neuroscience and engineering is that physical and mechanical mismatch at the tissue-electrode interface acts as one of the major sources of neuroinflammatory responses and corresponding failures in bioelectronic applications. This new perspective in designing enhanced bioelectronic interfaces has motivated the development of various unconventional bioelectronic devices with lower elastic moduli and higher flexibility. Not surprisingly, the continued efforts in the search of better solutions to minimize the mismatch between biology and electronics have led toward the rapid emergence of hydrogel-based bioelectronics, owing to their unique properties discussed in previous sections.
In recognition of this recent but significant development, we provide a comprehensive overview of hydrogel bioelectronics, starting from the fundamental tissue-electrode interactions to the latest advances in the field. Historically, advances and discoveries in burgeoning fields typically rely on either trial-anderror approaches or serendipity. However, it should be emphasized that the future progress in hydrogel bioelectronics will mostly benefit from rationally guided design principles based on understanding the fundamental mechanisms of tissue-electrode interactions. Despite a remarkable growth of hydrogel bioelectronics in recent years, many opportunities remain unexplored. Translation of bulk hydrogels with extraordinary electrical and biomechanical properties into realistic functional bioelectronic devices is still an open challenge in the field. The ample room for further technological innovations for improved property, robust integration, and advanced fabrication necessitates continuous efforts from researchers in multiple disciplines. Throughout the future developments, hydrogel bioelectronics will face daunting challenges and tasks to overcome, but in parallel, it will also provide the exciting promise of seamless merging between biology and electronics.
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